The clinical relevance of knee simulation relies on the accurate reproduction of in vivo TKR kinematics. Current generation force-control knee simulators use mechanical springs to simulate the knee's softtissue constraint. Because the constraint provided by the soft-tissue is complex in nature, with nonlinear force displacement characteristics and axis coupled behavior, it is difficult or impossible to model this behavior with mechanical springs. This paper describes a virtual soft-tissue control methodology, which provides enhanced modeling of the knee's soft-tissue. TKR kinematics were evaluated for a posteriorly stabilized prosthetic device using a range of plausible soft-tissue models derived from the literature. The device was exercised with the standard ISO forcecontrol waveforms while varying the constraint model to compare several different soft-tissue models. Kinematic and kinetic data was taken and tracking performance analyzed for several different constraint models.
Introduction
This paper introduces a novel knee-simulation control system that facilitates force-control by providing modeled soft-tissue constraint. This virtual soft-tissue (VST) controller simulates the mechanical constraint of the ligament structure of the knee using a real time algorithm running on a DSP (digital signal processor). The control technology also includes an iterative learning control (ILC) algorithm that dramatically reduces simulator machine setup time and provides exacting waveform tracking performance.
Force-control for knee simulation is appealing because active forces of dynamic, gravitational, and physiologic origin govern the motions of the natural knee [1, 2] . These forces, acting on the tibial shaft, must be constrained by the passive structure of the joint. Load bearing of both implanted and natural knees is partitioned into the structures of articular-contact and structures of the soft-tissue, that is the ligamentous, capsular and meniscal structures [3, 4] . These structures, through their passive elastic nature, provide the constraining forces necessary to balance the active force (imposed by the musculature, gravitation and inertial dynamics) during physiologic motion [5] [6] [7] . As the soft-tissue is absent in simulator testing, the elastic constraint which it naturally affords must be replicated by alternative means. In the past, mechanical spring arrangements have been used to approximate the soft-tissue constraint in AP translation and IE rotation (anterior posterior translation and internal external rotation) [8] . Although these mechanical constraint methodologies have led to creditable simulator studies, the ability of such systems to 
Methods

Virtual soft-tissue (VST) control system
Software and electronics - Figure 1 shows a schematic of one channel of the virtual soft tissue control system. The real time control and data acquisition subsystems are implemented in 3 DSP firmware and electronic hardware. The iterative learning control subsystem is implemented in software running on a PC and provides periodic corrective signals via an Ethernet interface to the real time control subsystem.
The reference waveform may be derived from the ISO force-control waveform ensemble for walking gait or, alternatively, from clinical or biomechanical data representative of the desired physiological function. This reference waveform input consists of one cycle of kinetic data representing the active forces (i.e. those of musculature, gravitation and dynamics) acting across the prosthetic device.
The block labeled (D) in the figure represents the virtual soft-tissue algorithm which determines the force response based on the current configuration of the prosthetic components. A cubic-spline implementation of the virtual soft tissue provides the flexibility to represent a wide range of soft-tissue characteristics. Soft-tissue models such as the linear model currently established by the ISO standard [9] or more complex models such as those proposed for future ISO and ASTM standards may be programmed by proper choice of spline coefficients.
FIG. 1-Virtual soft-tissue (VST) schematic with iterative learning control (ILC) algorithm.
The block labeled B depicts a standard form PID (proportional, integral, derivative) control loop. This loop is configured as a force-control loop for AP motion or torque control for IE rotation, which means that the loop input corresponds to a setpoint force (or torque) and the system responds by driving the controlled actuator to achieve that setpoint force. The achieved force level is measured via the multiaxis force transducer, digitized, and returned to the input summing junction of the control loop. The PID algorithm calculates proportional, integral and derivative error signals and attempts to correct the system's response accordingly.
Section A of the schematic shows the iterative learning control (ILC) portion of the algorithm, which circumscribes the PID and VST portions of the control loop. The ILC algorithm acts on the sum of the measured prosthetic constraint and the algorithmically determined softtissue constraint force. The iterative learning control algorithm improves the quality of control by using the error of previous iterations to develop the control signal for the current iteration [10, 11] . This process is accomplished off-line on a cycle-by-cycle basis. The data from the previous iteration is stored in computer memory and when the cycle is completed an updated control sig-4 nal is calculated. This updated control signal is supplied to the feed-forward summing junction of the real time controller in a synchronized manner.
Soft-tissue constraint rationale -Force-control relies on the principle of equipollence to reduce the complex system of forces acting across the knee to a system of orthogonal forces and torques consistent with the simulator's actuators. The internal forces acting across the knee (see Figure 2 ) may be aggregated into three groups: one-the active forces of the musculature, dynamics and gravity, two-the soft-tissue forces of the ligamentous and capsular structures, and three-the contact forces acting on the articular surface. Under conventional force-control simulation, the machine's actuators generate the active forces, a passive mechanical constraint system simulates the soft-tissue forces, and the contact forces result directly from tibial-femoral contact (Walker 1997 The VST system incorporates similar partitioning of the forces while providing a programmable model to represent the passive soft-tissue constraint forces [12] . The constraint model is flexible and may be programmed to provide nonlinear, asymmetric behavior such as exhibited by the structure of the natural knee. The AP (anterior posterior) components of the passive forces shown in Figure 2 are summed to form a single soft-tissue constraint force: f y s = f y mcl + f y lcl + f y acl + f y pcl + f y pcs (1) where f y pcs is the contribution of the posterior capsule structure (omitted in the figure) . Likewise, the active forces of the musculature are summed to form the AP driving force:
An analogous approach was taken for IE rotation with the musculature providing the active torque and soft tissue providing the passive torque. Figure 4A shows typical AP load displacement curves obtained under several constraint and ligament conditions adopted from the work of Fukubayashi. Fukubayashi exercised intact post mortem human knee specimens in a load frame while measuring the AP load and corresponding displacement. The three data series shown in Figure 4A represent the conditions: intact ligaments with tibial rotation held at a fixed (neutral) angle, intact ligaments with the tibia unconstrained in rotation and sectioned ACL and PCL. Figure 4B depicts typical VST soft-tissue models representing several ligament conditions: sectioned ACL intact PCL, intact ACL and PCL, and the linear spring specified ISO [9] .
Test system hardware
Simulator degrees-of-freedom and coordinate system - Figure 5 depicts the Force 5 simula-6 tor's motion axes and measurement coordinate system. The motion axes adopt a convention similar to the joint coordinate system (JCS) described by Grood [20] . The JCS considers two limb-segment embedded Cartesian coordinate systems, one femoral and the other tibial fixed. Both coordinate systems have one axis aligned with the long axis of the bone, a second axis oriented medial-laterally, and a third oriented anterior-posteriorly. When the joint is in the reference position the coordinate systems share a common origin that serves as a reference point for translation. In addition to the two limb-segment fixed coordinate systems, a floating axis is defined mutually perpendicular to the femoral medial-lateral axis and the tibial shaft long axis.
The simulator axes are similar to the JCS. The compression-distraction (axial load) is collinear with the tibial shaft (in Figure 5 it is shown offset from its true line of action, which lies on the f z load cell axis). AP translation is mutually perpendicular to the flexion axis and the axial load axis and corresponds to the JCS floating axis. IE rotation occurs about the axial load axis, which is again consistent with the JCS. However, abduction-adduction and medial-lateral translation are inconsistent with the JCS. These motions are relative to the tibial fixed coordinate system rather than relative to the floating axis of the JCS. Figure 5 shows the multiaxial load cell located beneath the tibial fixture in such a manner that it is subjected to all tibial-femoral contact loads. The load cell resolves the contact force into orthogonal components, f x , f y and f z, and moment into components, m x , m y and m z . Outputs of the load cell were supplied to the measurement and control system and appropriate channels were used for feedback to control the machine's actuators. In particular, f y , f z , and m z were used to provide force and moment feedback for the AP, Axial and IE channels of the virtual softtissue control system. Displacements in all degrees-of-freedom were monitored with linear or angular potentiometers. These outputs were routed to the signal conditioning subsystem and, subsequently, through software to the inputs of the appropriate channels of the virtual soft-tissue constraint algorithm. Data acquisition -All channels were filtered using 4 th order Butterworth analog antialiasing filters at 600-Hz. Data was then digitized at 16-bit resolution, 1000-sps (samples per second) per channel. A digital FIR filter (4 th order Butterworth) permitted selection of cutoff frequencies between 30-Hz and 1-kHz. Filter settings in this work were 100-Hz for f z , 70-Hz for f y and m z , and 150-Hz for all other channels. These settings were chosen empirically to provide the best operation of the control loop.
FIG. 5 -Left (A) depicts the simulator machine's degrees-of-freedom and multiaxis load cell, which measures three orthogonal forces and three orthogonal moments. Note that the axial load is shown displaced from its true line of action, which is aligned with the f z axis. Right (B) depicts the machine coordinate system following the JCS of Grood and Suntay.
Prosthetic device -A medium conformity PS (posteriorly stabilized) condalyar prosthetic device was evaluated under several different constraint conditions. The tibial-femoral contact surface was lubricated periodically with mineral oil during the course of the testing.
Test conditions
Reference waveforms -This work utilized the ISO force-control waveform [9] ensemble to provide the driving waveforms for walking gait simulation. The waveform ensemble is comprised of four waveforms, Axial, Flexion, IE and AP, based on the work of Morrison and others [6, 21] . As per the ISO specification, Axial load was controlled under force-control, flexionextension under displacement control, and IE rotation and AP translation under torque and forcecontrol respectively (constrained by virtual soft-tissue constraint). A 10-Hz low-pass filter was applied offline to all channels to remove irregularities and smooth waveform transitions. Figure  7 depicts the reference waveforms output by the VST controller's arbitrary waveform generator. Figures 6A and 6B respectively.
Soft-tissue model -Testing was conducted using four different soft-tissue models providing AP and IE constraint characteristics shown in
FIG. 6 -Realized force deflection characteristics for the four soft-tissue models. A and B show AP and IE constraint models for four different test configurations (in B, three constraint models are superimposed).
The legends in these figures identify Tests A through D corresponding to the four constraint conditions. Test A represents nonlinear constraint similar to the proposed ASTM standard for cruciate substituting prosthetics. The proposed constraint is comprised of three piecewise linear segments where a laxity region is defined extending ±2. Data was recorded for a full-cycle at five-second intervals, synchronized with the waveform onset, over the course of 500-cycles of motion. Eighty-five non-consecutive samples of data, each consisting of 1000 data points, were evaluated to determine RMS, peak-to-peak and average error. The means and standard deviations were calculated and the results tabulated in Table 1 . An average RMS error of less than 2% in all cases shows extremely good tracking performance for all channels of motion. The low standard deviations indicate repeatable, stable operation over the 500-cycle measurement period.
Results
Tracking performance
Figures 8A and 8B show the RMS and average error over time following initial startup of the system. These figures represent the so-called "learning curve" of the ILC algorithm. Initially the system is stably but inaccurately controlled with the PID control. The tracking error is reduced over successive cycles of motion by the iterative application of the learning control algorithm. Typically, ILC results in an exponentially decreasing error, which approaches a system dependent asymptotic limit. This behavior was observed with the VST implementation as shown by Figures 8A and B . Within 30-cycles of motion the error on all channels was reduced to less then 5% FS (percent full-scale reference waveform).
FIG. 8 -Error versus time as controlled by the iterative learning control (ILC) algorithm.
After 200-cycles the error diminished to less then 1.7% FS on all channels. A 4% spike in IE-RMS error was observed at 250-cycles. Although this anomaly could arise from instability of the ILC control algorithm, it is likely the result of a transient frictional perturbation of the IE actuator. Of greater interest is that the ILC algorithm responded quickly and reduced the error to the previously achieved level. Overall, the ILC algorithm produces stable well-behaved motion over a wide variety of operating conditions with little or no operator tuning.
Spectral analysis
Spectral analysis was performed using DFT (discrete Fourier transform) analysis. Figures  9A and 9B show the amplitude and cumulative power spectrum distribution of the reference waveforms and measured feedback signals. These signals are virtually superimposed, indicating high spectral correlation of reference inputs and kinetic outputs. Figures 9C and 9D show the results of similar analysis for the kinematic signals (i.e. translations and rotations). Table 2 shows the cumulative power at selected frequencies, 2, 4 and 8-Hz. 100.0% 100.0% 100.0% 100.0% 100.0% 100.0% 100.0% 99.9% 100.0% 100.0% 100.0% 100.0%
FIG. 9 -Plots (A) and (B) show normalized amplitude and cumulative power spectrum of the driving waveforms and associated feedback signals. Plots (C) and (D) show the results of similar analyses for the translational and rotational motions.
The AP constraint-sum exhibits slightly elevated spectral content, with 0.1% of the power spectrum exceeding 8-Hz compared to the AP reference waveform where 0.0% of the power exceeds 8-Hz. Comparison of the kinematic signals (displacement channels) spectral content to the kinetic signals (feedback and constraint-sum signals) spectral content indicates upper-frequency bounding of all channels at the 100.0% level at 8.0-Hz. It may be inferred from the lower frequency content of the kinematic signals that the energy of the kinetic signals at elevated frequencies is insufficient to overcome the frictional dead-band of the prosthetic tibial-femoral interface. The frequency content of all channels, except the AP constraint-sum, is contained below 8-Hz at the 100.0% level. 
Kinematic and kinetic results
FIG. 10 -Plots (A),(B),(C) and (D) correspond to IE contact torque, soft-tissue torque, IE rotation and the ML center of pressure. Plots (E),(F),(G) and (H) correspond to AP contact constraint force, soft-tissue force, AP displacement and the AP center of pressure. Test A represents non-linear constraint and Tests B, C and D represent linear, 10, 20, and 40-N/mm constraint. Positive AP force corresponds to anteriorly oriented inter-component force acting on the tibia. Positive AP displacement corresponds to posterior displacement of the tibia relative to femur. Positive IE torque corresponds to an inter-component torque resisting internal rotation of the tibia relative to the femur. Positive IE rotation is internal.
Tests A through D correspond to the parameterized constraint conditions described previously. In these plots, positive AP force corresponds to an anteriorly oriented inter-component force acting on the tibia; whereas, positive AP displacement corresponds to a posterior displacement of the tibia relative to femur. Positive IE torque corresponds to an inter-component torque resisting internal rotation of the tibia relative to the femur, and positive IE rotation represents internal ro-
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Calibration of the COP measurement was performed under dynamic conditions similar to those encountered in prosthetic testing. A plain polished stainless steel cylindrical femoral component was exercised using the ISO waveform on a flat UHMW mock tibial component. With this mechanical arrangement the flexion axis position was expected to coincide with the measured COP. Over the full range of motion the deviation between the two measurements was less then 3%.
The COP measurement is of considerable interest from a prosthetic wear perspective as it quantifies the excursion of the load-bearing contact-patch rather then the excursion of the flexion axis. This renders the measurement insensitive to mounting conditions and component geometry while providing highly relevant wear information. Geometrical considerations reveal that the excursion of the contact point will exceed the motion of the flexion axis for conforming components. In this test the average excursion, based on the COP measurement for the four soft-tissue conditions, exceeds the conventional AP displacement measurement by 150% during the stance phase of the loading cycle. Figure 11 presents the kinematic and kinetic peak-to-peak results for 60% (stance phase) and for 100% (stance and swing phases) of the gait cycle. The trends are again consistent with the increasing progression of the soft-tissue stiffness from Test A to D.
FIG. 11 -Comparison of kinematic (A) and kinetic (B) results across the series of tests with progressive change of soft-tissue constraint stiffness parameter.
Discussion
Overall tracking performance
Low RMS errors of 0.5, 0.7, 2.0, and 1.7% FS are reported for Axial, Flexion, IE, and AP degrees-of-freedom. Similarly, peak-to-peak and average error are extremely low. When constraint-sum signals and reference waveforms are compared in plotted results no distinguishable differences between the two are evident. DFT analysis and power spectrum analysis revealed that the frequency content of the driving waveforms and resulting constraint-sum signals or feedback signals are virtually identical.
The measured variables of contact constraint force, soft-tissue constraint force, and translational motion demonstrate consistent behavior across tests as soft-tissue constraint is parametrically varied. Increased stiffness was accompanied by increased soft-tissue constraint, decreased contact constraint and a concomitant decrease in motion. These trends are summarized graph-14 ically in Figure 11 . The IE results from the two torsional constraint models also show consistent results. Increased torsional soft-tissue constraint is accompanied by decreased torsional contact constraint and decreased IE rotation. The IE results demonstrate low sensitivity to the AP constraint conditions.
Comparison with simulator studies
A kinematic study conducted by DesJardins on a Stanmore simulator machine provides useful published results for comparison of the VST results reported in this study [22] . DesJardins evaluated several prosthetics, none identical to the subject device; however, the range of devices provides a basis for comparison. Similarity of maxima and minima features and the phase relationships of kinematic and kinetic results demonstrate a qualitative correlation between studies. Temporal characteristics of both IE and AP kinematics and kinetics show similar primary features and concurrence of orientation of motions and loads.
One posteriorly stabilized fixed bearing implant device was described in the DesJardins study. This device serves best for comparison with the posteriorly stabilized device of this study. The two devices will be called the NGL device and the VST device, corresponding to the DesJardins and virtual soft-tissue studies respectively. Only kinematics for similar constraint conditions are compared.
In IE rotation the NGL device reached a peak rotation of 11.1° at 60% of the loading cycle; whereas, the VST device reached a somewhat lower peak of 7.3° at the same point in the loading cycle. The torsional contact constraint of the NGL and VST devices reached maximum external torques of 4.7-Nm and 5.6-Nm at 50° respectively. Likewise, the torsional soft-tissue constraint reached maximum external torques of 2.7-Nm and 2.05-Nm at 60°. Overall, the NGL and VST devices exhibit very similar temporal characteristics in the three measured parameters, contact constraint, soft-tissue constraint and internal rotation. The VST device shows a 34% reduction in IE rotation and a 21% reduction in soft-tissue constraint torque compared to the NGL device. As both tests use linear torsional spring approximations, the realized torsional stiffness were estimated as the ratio of the maximum rotational displacement to the maximum soft-tissue constraint torque. This ratio is 0.24-N/mm for the NGL (Stanmore test) and 0.28-N/mm for the VST (virtual soft-tissue test). The Stanmore soft-tissue constraint stiffness is approximately 14% lower then the target torsional stiffness of 0.28-Nm/deg. If the Stanmore constraint had been adjusted to 0.28-N/mm, then the achieved rotation would have been reduced to 9.6°. At this level the reduction in rotation of the VST device would have been 23%, quite consistent with the measured 21% difference in torsional constraint. When the Stanmore machine results are adjusted to accommodate the small discrepancy in the realized torsional spring stiffness, the NGL and VST IE kinematics and kinetics agree well. The VST device appears to provide marginally higher torsional constraint than the NGL device.
The AP translation results are discussed on a gait cycle feature basis as shown in Figure 12 , where HS, WA, TE and SP correspond to the heel strike, weight acceptance, terminal extension and swing phase of the gait loading cycle. Additionally, aggregate motions for the stance phase (0 to 60%) and the swing phase (60 to 100%) of the loading cycle are considered for the NGL and VST comparison. First, it should be noted that the driving AP waveforms in both studies are somewhat truncated at all maxima and minima when compared to the ISO 14243-1 standard. In the current (VST) study the application of the 10-Hz pre-filter causes a slight reduction of the high frequency content and a smoothing of maxima and minima of the waveform. In the Stanmore (NGL) case, the waveform was manually modified to achieve the desired output tracking performance. Note that Figure 12 is inverted from the ISO specification to accommodate the VST study's electromechanical coordinate system (positive indicates a posterior external load applied to the tibial shaft).
FIG. 12 -Gait phases
Taking the gait phases in temporal order, the Stanmore NGL study shows 25%, 32%, and 27% truncation in amplitude (compared to the ISO standard) for HS, WA, and TE maxima and minima features. The VST study shows 12%, -5%, and -3% deviation (negative indicates overshoot) for the same features. Two points were examined in the swing phase, one at 65% and one at 80% of the load cycle. The NGL study shows 256% and 131% deviation at those points and the VST study shows 6% and 19% deviation at the same points. The average of the NGL study shows a 28% reduction in the applied force during the stance phase; whereas, the VST study shows a 7% deviation from the ISO standard. The soft-tissue stiffness calculated from the range of motion and range of soft-tissue constraint for the NGL study was 17.1-N/mm; whereas, linear regression applied to the VSD data shows the soft-tissue constraint stiffness of 19.98-N/mm. In both cases the target stiffness was 20-N/mm. In terms of kinematics, the Stanmore NGL study's 14% reduction in soft-tissue constraint and concomitant 28% reduction in applied force will partially compensate for one another. The range of motion during the stance phase of the NGL study was 3.8-mm. The VST study similarly resulted in a 3.8-mm range. Both NGL and VST results show similar temporal characteristics with an initial maxima slightly lagging the HS load maxima and a second maxima coincident with TO (toe off). The VST study shows slightly exaggerated motion at HS, 2-mm, compared to the NGL study, 1.4-mm, and slightly reduced motion at TO, NGL 4.2-mm and VST 3.8-mm.
During stance-phase, the results of the NGL and VST studies show high temporal correlation, similarity of maxima and minima features, and consistent empirical kinematic and kinetic results. Reduced spring stiffness in the Stanmore study is partially offset by reduced peak loading at all maxima and minima. After giving consideration to the variance in applied loads and constraint stiffness, the small differences in observed kinematic and kinetic patterns are likely attributable to differences in prosthetic design.
In the swing phase, the NGL study differs substantially from the VST study. Swing phase loading appears to have been neglected in the NGL study, perhaps because swing phase is considered to be of less relevance in wear studies. Nevertheless, nonzero swing phase loading is specified in the ISO standard and results in substantial AP motion. In the VST study, ISO specified loading was replicated accurately and resulted in a rapid 6.6-mm anterior translation of the tibial component immediately following TO. This motion in the swing phase represents the highest velocity and the greatest excursion encountered at any point in the kinematic trace. Simple contact measurements revealed that with PS stabilized devices, impingement of the femoral cam on the tibial spine occurs in this region of the loading cycle. As cam impingement represents a possible failure mode, the swing phase is of interest in the testing process. Further study should be considered focusing on specification of the kinetics in the swing phase with regard to physiologic appropriateness.
Conclusions
The VST control system, coupled with the ILC algorithm, provides an easily adjustable control system capable of simulating a wide variety of soft-tissue behavior. In this study, the concept is applied to both AP force control and IE torque control. The VST control system provides modeled soft-tissue behavior consistent with theoretical expectations across a range of constraint conditions. Changes in constraint conditions for both IE and AP lead to appropriate changes in kinematic performance. Stable, accurate control performance was demonstrated for several modeled soft tissue characteristics. The ILC algorithm performs a crucial function in improving tracking performance and reducing setup and tuning time.
Comparisons with a mechanically constrained system reported in the literature show a high temporal correlation of both IE and AP results with similar phasing and magnitudes of kinetic and kinematic features. Slight variations, as might be expected due to the dissimilarity in tested prosthetics, were observed.
Future work should include extension of the control concept to include coupling of softtissue constraint characteristics with flexion and tibial rotation parameters. Additional validation conducted with wear studies, examining wear and particle morphology, wear extent, and wear rate are appropriate. Yet, as it is currently implemented, the VST control methodology represents a major advance in simulation technology and paves the way for parametric evaluation of prosthetic kinematic and durability performance.
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